Compression of the lower leg by bandages is a common treatment for the advanced 14 stages of some venous or lymphatic pathologies. The outcomes of this treatment 15 directly result from the pressure generated onto the limb. Various bandage 16 configurations are proposed by manufacturers: the study of these configurations 17 requires the development of reliable methods to predict pressure distribution applied 18 by compression bandages. Currently, clinicians and manufacturers have no dedicated 19 tools to predict bandage pressure generation. 20
Introduction
Compression of the lower leg is a common treatment for venous or lymphatic diseases 7 and can be performed either with elastic stockings or bandages 5 . Bandages are mainly used in the initial steps of the treatment of advanced stages of these pathologies such as legs ulcers or lymphedema 2 . The treatment success depends on the pressure level which is applied on the leg in the supine and standing positions and while walking 15, 19 . Even though the efficacy of this treatment, performed either with stockings or bandages, is admitted 3, 5 , its action mechanism and the pressure it applies on the leg remain poorly understood, especially in the case of bandages 17 .
The pressure applied on a leg by compression bandage mainly depends on the following parameters: Different configurations are proposed to clinicians: application of "inelastic" or "elastic" bandages, 2 or 3 layers bandage application technique, combination of different types of bandages… The relevance and understanding of these various methodologies needs to be addressed.
For this, research on the mechanical action of elastic compression has been addressed using both experimental and modeling approaches, within the aim of understanding pressure generation and its effects on the leg soft tissues. An effort has been made to measure interface pressure applied by compression stockings or bandages 3, 8, 13, 22 , though in vivo pressure measurements only provide localized information about the applied pressure. However, for now, local measurement methods are significantly more accurate than pressure mapping systems 4 , hence the lack of a convenient method to measure the complete pressure distribution over the leg.
A rough estimation of local pressure field can be obtained with Laplace's law (Equation 2) as a function of the local radius of curvature of the limb, the bandage tension and the number of layers. However this equation does not consider every aspect involved in the mechanism of pressure generation 15 , such as shape changes due to bandage application or position variations. Despite many attempts to improve this law 1, 25 , it remains insufficient to quantify the complete pressure distribution 24 .
Numerical simulations were introduced to achieve this goal. However, most of them sought to better understand the action mechanism of compression stockings which behave in a different way than bandage. Among these studies, a first 2D model was proposed considering a plastic leg, whose mechanical properties were known and whose geometry was obtained from a CT-scan 27 . Experimental pressure measurements were performed on the leg in order to be compared with the results given by the model. In this simulation strategy, the compression stocking was first inflated and then relaxed around the leg. The results they obtained had similar trends with experimental results. Later, 3D models were introduced in order to consider the heterogeneity and patient-specificity of the leg soft tissues 10 . The leg geometry was obtained from CT-scan images and the material parameters were identified by an inverse approach based on CT-scans of the patients wearing compression stockings.
The main limitation of this simulation was that it did not model the stocking, the pressure applied on the leg being calculated using Laplace's law. Another more recent model was built in order to better understand how the pressure is transmitted through soft tissues and affects veins inside the leg 23 . Its 2D geometry was obtained from MRI images to separate muscle compartments, main veins and adipose tissue.
To the authors' knowledge, only one attempt to simulate the action of compression bandage was proposed by Al Khaburi et al. 1 . The bandage was not modeled and the pressure exerted on the leg was computed using an improved Laplace's Law.
In short, to explain the action mechanism of compression bandage via the pressure distribution they generate, Laplace's law is not sufficient 24 . On the other hand, local pressure measurements are not sufficient to understand the global action of compression bandages and there is, for now, no reliable technique for pressure mapping over the leg. As a consequence, clinicians and manufacturers currently have no reliable methods to predict pressure distribution applied by compression bandages, hence the need to develop new tools.
This study presents a first subject-specific numerical simulation to model the pressure distribution generated by compression bandages application. This simulation will lead to a more global approach of interface pressure generated by bandages, including 3D local curvature of the leg and its changes with bandage application, and soft tissue mechanical properties. The aim of the study was to validate the feasibility and reliability of a finite element (FE) simulation of lower-limb bandage in a simple case, in order to use it later with different bandage configurations.
The approach was based on experimental leg shape and pressure measurements on 5 female subjects for model generation and validation. For each subject, leg geometry was obtained with a 3D optical scanner and was then used to model the leg and the corresponding bandage. Bandage mechanical properties were measured experimentally. The results given by the simulation were then compared to the experimental pressure values. All results were compared to Laplace's Law, as it is, for now, considered as the reference method for interface pressure computation.
Methods

a. Experimental pressure measurements
Pressure measurements were performed on the medial and lateral sides of five female subjects' right legs with no known leg-related diseases, following informed consent (see Table 1 ).
Interface pressure was measured with pneumatic sensors Picopress® (Microlab Elettronica, Nicolò PD, Italy), whose diameter was 50 mm and discrimination threshold and resolution were 1 mmHg. Linearity and hysteresis were tested in a preliminary study and provided excellent results: linearity R² > 0.9999 and hysteresis < 1.0 % 6 .
However, the presence of this sensor modifies the real interface pressure (a measurement always modifies the measurand). A correction method was proposed and used to correct the interface pressure values measured in this study (see section below).
Four sensors gave local values of the pressure applied on the leg. They were placed at two different heights on the medial and lateral sides of the leg: two were located at the height of measurement point B1 (lower end of the calf) and two at the height of measurement point C (largest circumference of the calf) on both sides of the leg ( Figure 1 -(a) ). Measurement point B1 was chosen following the recommendations of a consensus paper 19 while measurement point C was chosen because it is the fleshiest part of the calf. Then the bandage was applied and finally the foot was slightly raised in order to prevent any contact between the examination bed and the calf. After waiting for one minute in this position, pressure values were recorded.
All bandages were applied by the same trained operator in order to limit the discrepancy due to inter-operator variability: a bandager seems constant and repeatable in applying bandages 21, 14 .
For each subject, four different bandages were applied on the leg in a spiral pattern Both have the same textile structure but B17 has a higher elastic modulus than B16 ( Table 3 ).
The manufacturer recommends applying these bandages with a 1.3 stretch (stretch=L/L 0 , with L the applied bandage length and L 0 its initial length). To guarantee that this stretch is reached, a calibration marker was printed on these bandages every 10 cm by the manufacturer (Figure 1 -(d) ). It consists in a rectangle which turns into a square when stretch is 1.3.
In this study, it was important to accurately measure the actual post-application bandage stretch because bandage application may be variable 18 . This was performed by a manual measurement of the distance between each printed marker:
Prior to bandage application and actual stretch measurement, and within the aim of performing the subsequent simulation, the subject's leg geometry was scanned in standing position, with a structured light 3D scanner (Artec TM MHT 3D scanner, Artec TM Group), whose resolution is 0.5 mm. The experimental pressure measurement is to be compared with the pressure extracted from the simulation; the former corresponds to the average of the pressure over an area corresponding to the sensor surface, and the latter has to be averaged over the same area. In order to accurately define the corresponding area, the sensor location was marked with a sticker that can be distinguished on the 3D scan of the leg without significantly modifying the leg geometry ( Figure 3 -(d) ).
b. Correction of the pressure measurement error due to the sensor volume
Although the pressure sensor is very thin, it can locally modify the curvature of the limb when inflated with the 2.0 mL air volume required. This curvature modification can then lead to a variation of the pressure applied by the textile.
In order to properly compare the experimental results with the simulation results (in which the sensor is not modeled), the local pressure variation due to the sensor was numerically investigated. For that, a 2D numerical model was built consisting of a disc representing the leg cross-section, whose radius varied from 30 to 70 mm, on which lied the sensor. The disc and the sensor were modeled as neo-hookean hyperelastic materials. The disc mechanical properties were the same as the living soft tissue mechanical properties used later in the simulation whereas the sensor mechanical properties were chosen in order to have very low shear stiffness and a high volumetric compression modulus (respectively 10 = 4.0 , 1 = 0.14 −1 and 10 = 4.0 * 10 −3 , 1 = 0.14 * 10 −3 −1 ). The pressure was applied by a circular textile (modeled with linear beam elements) with a 1.3 stretch, whose stiffness varied from 0.46 MPa to 1.32 MPa (i.e. the equivalent range of elastic moduli used in this study ( Table 3) ). The friction coefficient between the disc and the sensor was 0.4 12 .
The textile was inflated, then relaxed thus applying pressure on the disc and the sensor. The measured pressure was computed as the mean pressure on all nodes of the sensor. The reference pressure was the pressure at the opposite side of the disc, where there was no sensor ( Figure 2 -(a)). The relative error was defined as follows:
Thanks to this model, it was possible to quantify the measurement error due to the curvature modification ( Figure 2 -(b)). A 3 rd order polynomial correction profile was fitted on these results (R²=0.93). It can be noticed that the higher the pressure, the lower the error. Indeed, as pressure increases, penetration of the sensor into soft tissues increases, so the curvature modification and the error decrease. All the experimental pressure values presented in this study were corrected according to this correction profile.
c. Numerical simulation
A subject-specific simulation of bandage application was built, whose input data were the subject's leg geometry, the bandage mechanical properties and the application technique.
Leg geometry
The leg geometry was scanned with a structured light 3D scanner (Artec TM MHT 3D scanner, Artec TM Group) before bandage application ( Figure 3 -(a) ). The scan provided a cloud of points used to further reconstruct the external leg geometry model.
The bone holes geometry was based on anatomical slices from the 'Visible Human
Server' (Computer Science Department, Peripheral Systems Lab., Ecole Polytechnique Fédérale de Lausanne) ( Figure 3 -(a) ). This bone geometry was scaled to fit the leg geometry and implanted in the leg volume using Boolean operations. These geometrical modeling operations were performed using the software SolidWorks ® . It was verified in a preliminary study that little variation in the geometry of the bones had negligible influence on the pressure applied onto the skin. Bones being considered as non-deformable, the outer surface of soft tissues in contact with bones was assigned pinned boundary conditions (this mimics the presence of non-deformable material).
The complete leg was then meshed in Abaqus® with 4-node linear tetrahedron hybrid elements (around 600,000 elements, depending on subjects). Previously, a mesh convergence study was performed in order to determine the optimal element size of both parts: bandage and leg.
Last, leg soft tissues were considered as a single homogeneous material whose constitutive equation and parameters were taken from the literature ( Table 2) 10 . A preliminary study confirmed that soft tissue mechanical properties had very little influence on pressure distribution in this simulation (mean variation: 0.20 ± 3.33 %, for c 10 =1-35 kPa), justifying this choice.
Bandage geometry
The only known requirement for modeling the bandage is the 1.3 longitudinal stretch, once it is applied on the leg.
The bandage model geometry, which preserves this 1.3-stretch condition, was built from the leg geometry obtained from the 3D scanner data (Figure 3 -(e)).
The shape of the bandage which is applied in a spiral pattern with respectively 50 % or 66 % overlap between successive layers consists in a helix. A custom meshing code (Matlab®) generated the FE mesh of any bandage knowing its width, the number of layers, the leg geometry, and ensuring a bandage stretch equal to 1.3 once the bandage is applied on the scanned leg geometry. The bandage was meshed with 4node shell elements with reduced integration, whose size was determined by the mesh convergence study (about 55,000 elements, depending on subjects and number of bandage layers).
Bandage constitutive equation was considered as orthotropic linear elastic (Equation 1). Its parameters were characterized following the same methodology as described by Demanget 9 , combining different mechanical tests:
-several pure and plane strain tensile tests, to determine the in-plane orthotropic elastic behavior of the fabrics and, thus, obtain the longitudinal and transverse elastic moduli ( 1 and 2 ), the in-plane Poisson's ratio ( 
Simulation strategy
The simulation of bandage application was performed in 2 steps (Figure 4) :
-Bandage dilatation, by imposing a radial displacement (Figure 4 -(a) );
-Activation of leg to bandage contact followed by bandage relaxation. First, only the radial displacement was relaxed (Figure 4 -(b) ), then all displacement degrees of freedom were relaxed except both ends of the bandage which were pinned (Figure 4 -(c) ).
The contact between the leg and the bandage allowed no penetration and had a friction coefficient equal to 0.4 12 . There was no contact between the different bandage layers.
d. Laplace's Law
Laplace's law (Equation 2) is considered as the reference method for the computation of pressure applied by bandages. Hence, the experimental and simulated pressure values were compared with those obtained using this law:
with P the pressure ( . −2 ), n the number of layers of the bandage, T the bandage tension (ratio between the force needed to stretch the bandage and the bandage width) ( . −1 ) and r the local radius of curvature ( ).
To do so, transverse cross sections of the leg external surface were approximated by where ( , ) is the local radius (in the transverse plane) for a given angle and a given height (cylindrical coordinate system) and is the degree of the polynomials ( = 5).
The radius of curvature was then computed using the following equation 10 :
( , ) = ( 2 ( , ) + ′2 ( , )) with ′ and ′′ the first and second derivatives of the local radius of curvature.
The pressure given by Laplace's law is theoretically a function of the bandage tension in the transverse plane, 1 , and that in sagittal and coronal planes, 2 . Nevertheless, as the radius of curvature in the coronal/sagittal planes, 2 , is much larger than that in the transverse plane, 1 , the longitudinal component of Laplace's law was neglected:
The pressure was computed from the leg geometry obtained from the scanner (nondeformed state) and the tension was computed knowing bandage stiffness, number of layers and bandage stretch.
e. Comparison of the different results
In order to compare the results obtained from the experiments, the simulation and If the three data sets (given by the experiments, the simulation and Laplace's Law)
were identical, then the identified coefficients and should be equal for the different sets.
For the simulation, the local curvature ( ) was that obtained at the end of the simulation (i.e. in the deformed state) whereas for the experience and Laplace's law the curvature was that in the non-deformed state (as the final geometry is unknown).
The tension ( ) is a function of the bandage stretch. For the data computed with
Laplace's Law, the stretch was 1.3. For the experiments and the simulations, the tension was computed with regards to the actual known stretch values. The three variables (tension, curvature and number of layers) were centered and scaled between -1 and 1 before fitting.
f. Statistical analysis
All the plotted histograms represent the mean value and the 95% confidence interval.
The linear correlation between two samples was evaluated using the coefficient of -Stretches for the two bandages and around the two measurement points, -Pressures applied by 2-layer and 3-layer bandages and pressures applied by bandages B16 and B17 (for the experience and the simulation).
Results
The results given by the experiments and the simulation are respectively presented in Figure 5 and Figure 6 . They were compared with the pressures computed using
Laplace's law, as it is considered as the reference method for interface pressure computation.
The pressure given by Laplace's Law was obviously proportional to the bandage elastic modulus and the number of layers. Therefore the ratio between the pressure applied by the B17 and that applied by the B16 was equal to the ratio of bandage stiffnesses ( Figure 5 -(c) and Figure 6 -(b) ). Similarly, the pressure applied by a 3-layer bandage was 1.5 times as high as that applied by a 2-layer bandage ( Figure 5 -(d) and Figure 6 -(c)). Eventually, the pressure at measurement point B1 was about 15% as high as that
at point C ( Figure 5 -(e) and Figure 6 -(d) ).
In the experiments, the measured mean stretch for all bandage applications was equal to 1.30 ± 0.02 ( Figure 5 -(a) ). However, stretches for the B16 and the B17 bandages differed (p<0.05), with respective values of 1.32 ± 0.03 and 1.28 ± 0.03. In addition, the measured stretch was found to be different between the two measurement points (p<0.01), with higher values at point C (mid-calf) than at point B1 (lower end of the calf) (respectively 1.34 ± 0.02 and 1.25 ± 0.02).
The pressure measurement error induced by the presence of the sensor was corrected for all the experimental results presented below. From a general point of view, it can be noticed that pressure increased with the number of layers of the bandage ( Figure 5 -(b) and (d)) and with bandage elastic modulus ( Figure 5 -(b) and (c)), as expected.
Comparing the two types of bandages, the ratio between the pressure exerted by the B17 and that exerted by the B16 was about 1.5 at equal number of layers and with the hypothesis that stretches were equal ( Figure 5 -(c) ), whereas the ratio of their stiffnesses is 1.91 (Table 3) . Eventually, the applied pressure varied along the leg: the pressure at measurement point C was slightly lower than at point B1 ( Figure 5 -(e) ).
Twenty different simulations were built: 5 female subjects and 4 bandages for each subject. Among these 20 models, 19 simulations reached convergence. An illustration of representative pressure maps is provided in Figure 4 -(d) and (e). The pressure values which were extracted for comparison to the experimental data consist in the mean pressure over the areas corresponding to the sensors' locations ( Figure 3 -(d) ).
These results are presented in Figure 6 . Finale bandage stretch was 1.282 ± 0,008 when the target stretch was 1.3 (on the undeformed leg), which shows the validity of the bandage geometry used in the simulation and the applied boundary conditions.
The pressure increased with the number of layers (p < 0.01) and the bandage elastic modulus (p < 0.01) ( Figure 6 -(a), (b) and (c)). The pressure applied by the B17 (with the highest elastic modulus) was about 1.8 times as high as the pressure applied by the B16 (Figure 6 -(b) ), at equal number of layers and with the hypothesis that bandages stretches were equal. However, the pressure applied by a bandage with a 66% overlap (3 layers) was about 1.4 times the pressure applied by a bandage with a 50% overlap (2 layers) ( Figure 6 -(c) ). Eventually, the pressure increase between the measurement points C and B1 was about 11% (Figure 6 -(d) ).
Discussion
This numerical approach proposed a new patient-specific simulation of compression bandage application, which is, to the authors' knowledge, the first one to model the bandage. This simulation provides the complete pressure distribution over the leg, with regards to the patient's leg morphology, the bandage mechanical properties and the application technique. The results given by the simulation need to be compared with the experiments.
In the experiments, bandage stretch was lower for the B16 than for the B17, which is due to the fact that the B17 is stiffer than the B16 (Table 3) , thus harder to stretch. The experiments confirmed that the applied pressure increased with bandage elastic modulus. However, the pressure applied by the B17 was about 1.5 times as high as the pressure applied by the B16, while the B17 is 1.9 times as stiff as the B16 (hence the expected pressure ratio would be around 1.9). For this ratio, it was hypothesized that bandages' stretches were equal, which was not the case in the experiments ( Figure 5 -(a)). Nevertheless, this difference in measured stretch does not explain such a large difference between the observed trend and the expected pressure value.
The ratio between the pressure exerted by 2-layer and 3-layer bandages was slightly higher than the expected ratio (1.5), even if the bandage stretch was about the same for both application techniques: 1.29 ± 0.03 for the 2-layer application technique and 1.30 ± 0.03 for the 3-layer application technique. Even though these pressure measurements were performed on only 5 female subjects, all these trends were in accordance with the results of a previous study 6 , which was performed on 30 subjects (15 men -15 women) and whose protocol was very close to that previously described.
In short, the 3 data sets obtained from the experience, the simulation and Laplace's law showed different trends, especially regarding the influence bandage stiffness or number of layers. A simple way to compare the 3 data sets was to compare the pressure values at measurement point B1 on the medial side of the leg for all subjects (  Figure 7 ). Although the differences between the data sets were almost never 1 significant, the trends vary within the different bandages, hence the need to have an 2 overall approach for the comparison of the different results. 3
For this a linear model was fitted on the different data sets. The linear effects and 4 the combined effects (Equation 6) were identified for the experiments, the 5 simulation and Laplace's law (Figure 8 ). 6
The coefficient 0 was not discussed because it consists in a constant value due to the 7 conversion between pressure units. 8
As a first observation, these results showed that the effects of the different factors 9 differ within the three data sets (Figure 8 ). Note, also, that all non-zero effects were 10 significant (p<0.05). The linear effects of the number of layers and the curvature, 11 respectively 1 and 3 , followed the same trends as the slopes showed in the previous 12 results ( Figure 5 -(d) and Figure 6 Nevertheless, the linear effect of the bandage tension 2 does not follow the same 20 trends as the slopes previously presented ( Figure 5 -(c) and Figure 6 -(b) ). Indeed, 21 these slopes represent the ratio between the pressure applied by two bandages with 22 different elastic moduli, applied with the same number of layers and with the 23 hypothesis that their stretches were equal. However, the linear model did not consider 24 the bandage elastic moduli but the bandage tension, which is a function of the 25 bandage elastic moduli and stretch ( = (1 − ℎ) * ). 26
The stretch was constant in the simulation but varied in the experiments ( Figure 5 -27 (a)). Therefore, this stretch variation can explain the difference between the linear 28 effect of the bandage tension (Figure 8 ) and the trends previously observed in Figure 5 All pressure measurements were performed in a short time after bandage application, 45 so they do not reflect bandage long-term or dynamic effects (over one-day or after 46 walking). 47
48
The curvature modification due to the sensor was only numerically assessed. Several 49 studies have investigated the performance of the pneumatic sensor Picopress, but 50 their conclusions differ 20 26 . However, one of them confirmed that the low pressure 51 values tend to be overestimated when the radius of curvature is too small 26 . 52
53
The interaction between the different bandage layers may play an important role 54 during bandage application. However, it was not taken into account in the simulation. 55
An interesting perspective would be to add bandage to bandage interactions in future 56 simulations. In this regard, the simulation of the real wrapping process, i.e. new 57 boundary conditions, would likely be more suitable to account for these interactions. 58 59 Soft tissue mechanical properties used in the simulation were taken from the literature 60 10 and were identical for the 5 female subjects. As a preliminary study showed, the 61 impact of these properties on the generated pressure is limited. Nevertheless, their 62 effect on pressure transmission through soft tissues is of higher importance, for 63 instance for vein closure 11 . For this reason, it would be relevant to use subject-specific 64 soft tissue mechanical properties. 65
Conclusion 66
Under the more general background of studying different possible bandage 67 configurations, the aim of this study was to propose a patient-specific finite-element 68 model of bandage application to assess pressure distribution applied by elastic 69 compression bandages. A major improvement over Laplace's law was that this 70 simulation models leg shape changes due to bandage application, whereas Laplace's 71 law only considers the non-deformed state of the leg. Moreover, Laplace's law does 72 not consider any interactions between the bandage and the leg, expect normal 73
pressure. 74
This study evaluated the feasibility and reliability of a numerical simulation and 75 showed that improving the simulation complexity, by taking bandage-to-bandage 76 friction into account, for example, is promising. 77
This patient-specific simulation could then be used to assess pressure distribution over 78 a patient's leg in order to adapt his treatment, by choosing a specific bandage or 79 application technique, and to prevent localized overpressures, which could improve 80 the compliance with the treatment. 81
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